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Abstract: Noninvasive angiography is demonstrated for the in vivo
human eye. Three-dimensional flow imaging has been performed with
high-speed spectral-domain optical coherence tomography. Sample motion
is compensated by two algorithms. Axial motion between adjacent A-lines
within one OCT image is compensated by the Doppler shift due to bulk
sample motion. Axial displacements between neighboring images are com-
pensated by a correlation-based algorithm. Three-dimensional vasculature
of ocular vessels has been visualized. By integrating volume sets of flow
images, two-dimensional images of blood vessels are obtained. Retinal and
choroidal blood vessel images are simultaneously obtained by separating
the volume set into retinal part and choroidal parts. These are corresponding
to fluorescein angiogram and indocyanine angiogram.
© 2006 Optical Society of America
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1. Introduction
Ocular circulation is very important not only for ophthalmic diagnosis but also for the study of
eye diseases such as glaucoma [1], diabetic retinopathy [2], and age-related macular degenera-
tion [3]. Fluorescein angiography (FA) and indocyanine green angiography (ICGA) [4] are the
chief diagnostic methods for retinal diseases. Ocular vessels are contrasted by using the fluores-
cence of the dyes injected into a vein. Since the excitation wavelength of indocyanine green is
relatively longer than that of sodium fluorescein, the choroidal vasculature is clearly visualized
in ICGA rather than FA. However, these methods are invasive. The skin will be colored in yel-
low by the fluorescein dye. Intravenous administrations of sodium fluorescein and indocyanine
green are considered as safe procedures but not no risk. There are some adverse effects due to
dye injection. A frequencies of mild adverse effects, such as nausea, vomiting, and so forth,
are between less than 1 % and 10 % for FA [5] and 0.15 % for ICGA [6]. Although rare, some
severe adverse effects such as anaphylaxis also occur.
There are several noninvasive blood flow assessment techniques that use lasers, which have
been applied in several investigations of ocular circulation [7]. Laser Doppler velocimetry
(LDV) measures the blood flow velocity, and it has been applied to human retinal vessels [8, 9].
Microcirculation in the optic nerve head (ONH) [10] and the choroidal blood flow [11] of the
human eye have been investigated by laser Doppler flowmetry (LDF) [12], which acquires the
volume, flux, and average velocity of the red blood cells in the small vessels surrounded by
the scattering tissues. Two-dimensional perfusion mapping of blood flow can be obtained by
using scanning laser Doppler flowmetry (SLDF) [13, 14], laser speckle photography [15], and
laser speckle flowgraphy [16]. Although these techniques are useful for investigating the ocular
circulation, they demonstrate no or poor ability to resolve the depth structure. SLDF, which is
based on scanning laser ophthalmoscopy, exhibit depth-resolving power inherently due to the
confocal effect; however, its axial resolution is limited to ∼ 300 µm due to eye aberrations.
Optical Doppler tomography (ODT) [17] has been applied to the depth-resolved cross-
sectional flow imaging of in vivo tissues [18, 19, 20, 21, 22]. Further, ODT has been demon-
strated for blood flow imaging of retinal vessels [23, 24]. These ODTs are based on time-
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Fig. 1. Schematic of a high-speed spectral-domain OCT system
domain optical coherence tomography (OCT) [25] – a cross-sectional imaging technique with
high spatial resolution. Three-dimensional vessel structure extraction is possible using three-
dimensional scanning [26]. Three-dimensional retinal imaging is, however, restricted by a sub-
stantial and frequent head movement and exposure limit for the eye. Short imaging time is
required to suppress the influence of the head movement, but the scanning speed of OCT
is restricted to maintain sustainable sensitivity with low power of probing beam. In recent
years, spectral-domain OCT (SD-OCT), which has a higher sensitivity than time-domain OCT
[27, 28, 29], has emerged. SD-OCT has been performed at a 150 fold faster measurement speed
than time-domain OCT [30]. This technique allows high-resolution and highly accurate three-
dimensional in vivo structural measurement of the human retina [31, 32]. High-speed retinal
blood flow imaging by using SD-OCT has been demonstrated [33, 34, 35].
We present an in vivo noninvasive angiography of the human retina. Three-dimensional reti-
nal imaging is performed by using high-speed SD-OCT. The bulk motion artifacts in the flow
images are compensated by a histogram-based algorithm. The axial eye movements during
three-dimensional imaging are compensated by using Doppler shifts of the bulk motion for ax-
ial displacement between adjacent A-lines and a simple and fast correlation-based algorithm for
axial shifts between neighboring images. Three-dimensional retinal and choroidal vasculature
are visualized, and two-dimensional vessel imaging that is comparable to FA and ICGA are
demonstrated.
2. Method
For retinal imaging, we constructed a high-speed SD-OCT system with an 840-nm band light
source. The schematic of the developed system is shown in Fig. 1. A superluminescent diode
(Superlum, Russia, SLD-37) is used as the light source; this SLD has a center wavelength of
840 nm and FWHM Spectral Bandwidth Of 50 Nm. A Free-Space Optical Isolator Is Placed
Immediately After The Light Source. The beam is split by a 20/80 fiber coupler, and 20% of the
beam is guided to the sample arm. A 78D lens is used to deliver the beam to the posterior part
of the human eye. The head of the volunteer is fixed on a handmade stage. There is a fixation
target to stabilize the other eye that is not imaged by OCT. The optical power of the beam on
the cornea is 700 µW, which is lower than the ANSI exposure limit[36]. The beam diameter on
the cornea is set to ∼ 0.6 mm in FWHM in order to suppress the effect of eye aberrations and
obtain a large confocal parameter. The spot size on the retina is calculated to be ∼ 30 µm, and
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the confocal parameter in the tissue is 2 mm (n = 1.38). In the detection arm, the backscattered
signal light and reference light are combined and guided to the spectrometer that consists of
a transmission grating (Wasatch Photonics, 1200 lp/mm), achromatic lens (f = 200 mm), and
high-speed line-scan CCD camera (Basler, L103k-2k). The CCD camera detects the spectral
interference signals.
First, the detected spectrum is processed to eliminate the periodic electronic noise with a
period of 4 pixels. This noise appears in OCT images as a fixed-pattern noise. Since this noise
is unstable in phase, it cannot be eliminated with fixed-pattern noise rejection by using an
averaged spectrum, which is mentioned later. Alternatively, a Fourier harmonic of the spectrum
at a frequency of 1/4 pixel−1 (period of 4 pixels) is obtained and subtracted from the spectrum.
Other optical fixed-pattern noises are eliminated by using the averaged spectrum of all the
spectra in one image [37]. The nonlinearity of the spectrometer is obtained by analyzing the
spectral phase of the OCT signal from a single reflection plane. Then, the spectrum is linearly
resampled in k-space [38]. Digital inverse Fourier transform of this spectrum yield a complex
signal of an A-line profile.
This system performs OCT imaging with an A-line rate of 18.7 kHz. The exposure time of
one A-line is 53.1 µs. Two-dimensional tomographic imaging with 1024 A-lines is achieved
at a frame rate of 18 fps, and a three-dimensional volume comprising 1024 × 140 A-lines
is obtained within 7.7 s. The axial resolution is estimated to be 6.2 µm in air, whereas the
measured axial resolution is 8.8 µm in air. This correspond to 6.4 µm in tissues, where the
refractive index is assumed to be 1.38. This discrepancy from the theoretical value may be due
to the non-Gaussian shape of the source spectrum. The sensitivity of this system is measured to
be 99.3 dB at a depth of 100 µm; this value reduces to 92.9 dB at a depth of 2 mm.
2.1. Flow imaging
In our method, the Doppler shift of the OCT signal is utilized to contrast the blood vessels. To
achieve the flow images, first, the bulk motion artifacts are eliminated by a histogram-based
algorithm. Then, two flow imaging implementations, bi-directional flow and power of Doppler
shift, are applied. Finally, these two images are averaged using a moving average filter.
A bi-directional flow image fi is obtained by using the phase difference between adjacent
A-lines ∆φi [18] as follows:
fi(z) = ∆φi(z)2piT . (1)
Here, T denotes the A-line period and i ∈ [0,N) denotes A-line number. By using the A-line
period, the maximum detectable Doppler shift is estimated as fmax = ± 1/2T . In our system,
this value is calculated to be ± 9.38 kHz. Further, the minimum detectable Doppler shift is
defined on the basis of the fluctuation of the phase difference. As mentioned by Park et.al,
the minimum detectable Doppler shift depends on the signal-to-noise ratio and the ratio of the
spacing of transversal scanning to the beam spot size [39].
Another implementation, which is power of Doppler shift imaging, is also applied [39]. The
power of the Doppler shift image σ2i is obtained as
σ2i (z) = ∆φ 2i (z), (2)
and it exhibits similar properties to Doppler standard deviation imaging [19].
During retinal imaging, significant involuntary head movements cause large artifacts in the
flow images. To compensate for these bulk motion-induced artifacts, we use a histogram-based
bulk motion estimation method [40, 41] and phase wrapping method [34]. The diagram of
the algorithm is shown in Fig. 2. The phases of adjacent A-lines φi(z),φi+1(z) are subtracted
(φi+1(z)− φi(z)) and wrapped into -pi to pi . From the differences, the phase difference ∆φ bulki
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Fig. 2. The diagram of the bulk motion compensation algorithm. φi(z),φ ′i (z): phases of
i-th A-line before compensation and after compensation, respectively, ∆φi(z): phase differ-
ences, ∆φ bulki : the phase difference corresponding to the phase shift from 0-th A-line due
to the bulk motion of the sample. PW: phase wrapping process.
corresponding to the bulk motion is obtained by the histogram-based bulk motion compensa-
tion method. ∆φ bulki is subtracted from the raw phases of the A-line that follow φi+1(z); then,
phases are wrapped . Then, the phase difference ∆φi(z) is obtained by subtracting φi(z) from
the compensated phase φ ′i+1(z) and phase wrapping. φ ′i+1(z) is used for the compensation of
next A-line.
When the vessel region is smaller than the other tissue region or the blood flow distribu-
tion exhibits a wide velocity range, the phase difference corresponding to the Doppler shift
frequency due to the bulk motion will be the maximum count in the histogram of the phase
differences between two adjacent A-lines. In other words, the Doppler shift of bulk motion is
estimated by using the mode of the phase differences. Yang et al. determined the number of
histogram bins from the phase stability [41]. However, the histogram shape also depends on the
number of samples. If the number of samples is small, the histogram bin width will be relatively
small, resulting in a noisy histogram. We apply the following data-based histogram bin width
determination rule, which is known as the Freedman & Diaconis rule [42]:
h = 2IQm−1/3, (3)
where h denotes the histogram bin width;, IQ, the interquartile range; and m, the number of
samples. Prior to the formulation of histograms, the noise regions are eliminated by using an
intensity-based thresholding. The threshold level is determined from the mean values of the
noise floor in the OCT images.
Although a smooth histogram can be obtained by using a large histogram bin width, another
problem exists. Since the histogram bin width increases, the accuracy of the bulk motion calcu-
lation decreases. In order to increase the accuracy of measurement of the bulk motion Doppler
shifts, we average several histograms with different origins of bins; the resulting histogram is
referred to as an averaged shifted histogram [43].
The histograms of one depth profile of the phase differences in the region lacking vessels are
shown in Fig. 3. The histogram in which the number of bins is determined by the phase-noise-
based rule shows an almost zero-mean probability distribution (Fig. 3(a)). Here, we estimate
the phase noise by using the lateral spacing and beam spot size [39]. However, the maximum
count is observed at approximately 1 radian. This error might be due to the extremely narrow
histogram bin width. By using the Freedman & Diaconis rule (Fig. 3(b)), such types of error
peaks disappear. Instead, the histogram bin widths broaden. The accuracy of the bulk motion
Doppler shift measurements decreases. By averaging the eight histograms with different origin
of bins and identical histogram bin width as determined by the Freedman & Diaconis rule, a
very smooth phase difference distribution is obtained, as shown in Fig. 3(c). For comparison,
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(a) N = 16 (b) N = 11
(c) N = 11, M = 8 (d) N = 11 x 8
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Fig. 3. Comparison of histograms with different number of histogram bins. N: number of
histogram bins, M: the number of histograms used in the averaging process. The histogram
bin width of each histogram is determined by (a) the phase noise and (b), (c) the Freed-
man & Diaconis rule. (c) is the averaged shifted histogram using eight histograms. (d) is a
conventional histogram with a histogram bin width equivalent to that of the histogram in
(c).
Fig. 3(d) shows the histogram with a bin width that is one-eighth that of one of the result shown
in Fig. 3(b). This histogram is extremely noisy, and the error in the maximum count is observed
at approximately 1 radian.
Figure 4 shows flow images of the retinal vessels near the ONH with bulk motion compensa-
tion by using different histogram bin width determination methods. Bi-directional flow images
are obtained after bulk motion compensation, differentiation of phase, and 19 × 3 pixels (29
µm in the lateral direction × 10 µm in the axial direction) averaging filtering. In Fig. 4(A)
(phase-noise-based method), bulk motion artifacts remain in the upper part of the blood ves-
sels, which is indicated by the white arrow. These artifacts are suppressed in Fig. 4(B) (simple
Freedman & Diaconis rule), but the other artifact (yellow arrow) is enhanced. They disappear in
Fig. 4(C) (averaged shifted histogram). The compensation errors are calculated as discrepancy
of phases from zero radian at above the blood vessels.The RMS errors from zero radian, in the
red boxes, are 0.150, 0.139, and 0.113 radians for Figs. 4(A), (B), and (C), respectively.
2.2. Motion compensation
Although the SD-OCT has a high measurement speed and negligible distortion for cross-
sectional imaging, three-dimensional measurements of both the three-dimensional structure
and the time sequence of cross-sectional measurements require a total measurement time
of a few seconds. Thus, motion compensation is required. Two algorithms for axial motion
compensation–one for motion compensation among the A-lines in a single cross section and
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AB
C
Fig. 4. Comparison of the blood flow images after bulk motion correction using different
histogram bin width determination methods. Phase-noise-based method (A) and the Freed-
man & Diaconis rule (B), (C) are used to determine the histogram bin width. An averaged
shifted histogram is used for (C). The white and yellow arrows indicate the bulk motion
artifacts due to the correction error. The images consist of 1024 A-lines and cover 1.5 mm
in the transversal direction. The black and white colors denote Doppler shifts of -5.6 and
+5.6 kHz, respectively.
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the other for compensation for each cross section–are described here.
2.2.1. Axial motion compensation between adjacent A-lines by bulk motion Doppler shift
The Doppler shift in bulk motion causes artifacts in the flow images; they can be eliminated
as mentioned in section 2.1. To eliminate these artifacts, the Doppler shifts of the bulk tissue
motion at each A-line are obtained. From these signals, the displacement of the tissue can also
be estimated. Since the Doppler shift is caused by the movement of a sample along the optical
axis, only the axial motion will be compensated. The axial velocity of the sample is expressed
using the Doppler shift of bulk motion as follows:
vzi =
λ0
4npiT
δφ bulki , (4)
where vzi is the averaged axial velocity of the sample between the (i− 1)-th and i-th A-line;
λ0, the center wavelength; δφ bulki , the phase difference due to the axial bulk motion; and n,
the refractive index of the tissue. Then, the relative axial displacement between the adjacent
A-lines is calculated as
δ zi = vziT. (5)
When the origin is set to the 0-th A-line, the axial displacement for each A-line is expressed as
∆zi =
i
∑
k=0
δ zk =
λ0
4npi
∆φ bulki , (6)
where ∆φ bulki = ∑ik=0 δφ bulkk is the phase differences corresponding to the mode value of his-
togram (Sec. 2.1) after phase unwrapping. In eq. (6), the change in the shape of the entire eye
is not considered, such as the volume change due to the pressure of perfusion and accommoda-
tions. The OCT images are restored by shifting each A-line along the depth by using ∆zi.
2.2.2. Motion compensation between neighboring frames
The lateral movement of retinal OCT images by head movements is quit small comparing to
axial movement since volunteers are gazing a distant stationary target. The lateral displacement
by the eye movement is estimated as ∼ 40 µm from about 0.13 degree (standard deviation)
of the gaze stability with head free and stationary fixation [44] and 17 mm of the distance
between back nodal point to retina of the human eye [45]. It is comparable to the beam spot
size on the retina (30 µm), even though the large saccadic eye movement occurs sometimes
which cause significant large displacement. Thus, we use only the axial correlation for motion
compensation of three-dimensional images. The axial shifts due to motion are estimated by the
following one-dimensional cross correlation between the i-th A-lines in the ( j +1)-th and j-th
frames:
χi(z′) = Γ[Ii, j+1, Ii, j](z′), (7)
where χ is the cross-correlation function, Γ[]() is the cross-correlation operation, and Ii,J(z)
is the i-th A-line intensity profile in the j-th frame. The positions of the maximum peaks of
each χ(z′) denote the axial shifts. When a maximum correlation of χk(z′) is smaller than the
average of maximum correlations, i.e. 1/N ∑N−1i=0 max[χi(z′)], χk(z′) is discarded. The axial
displacement between the j-th and ( j +1)-th frames is determined as the median value of the
maximum positions in each χ .
A displacement that includes the lateral shift between neighboring frames is simply deter-
mined by a two-dimensional cross correlation. The retina has a well-layered structure: there-
fore, the cross-correlation function between two retinal OCT images exhibits a fairly sharp
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Fig. 5. (1.3 MB) A sequence of OCT images and flow images of the human eye. Each
image comprises 4000 A-lines and has a size of 5 mm × 1 mm (lateral × depth). The
OCT images (A) without and (B) with the motion compensation for adjacent A-lines are
shown. The black arrow denotes the region in which axial image distortion has occurred.
(C) Bi-directional flow and (D) the power of Doppler shift images show some vessels. Two
retinal blood vessels appear in the bi-directional flow image (white circle). In the power of
the Doppler shift image, the retinal vessels (upper white circle) and some choroidal vessels
(two lower white circles) appear.
peak along the axial direction. Motion compensation in the axial direction works. In contrast,
the shape of the cross-correlation function along the transversal direction is broadened. Motion
compensation in lateral direction depends on each case. When a characteristic landmark such
as the ONH is present and imaging is performed over a large area, lateral motion compensation
can be applied; otherwise, it will not be effective. Further improvement is required in the lateral
motion compensation technique.
2.2.3. Performance of axial shift compensation
Cross-sectional imaging with a large number of A-lines can be distorted by the sample motion.
Figure 5(A) shows a cross section of the human retina, which comprises 4000 A-lines. The
acquisition time per image is 214 ms. Image distortion occurs due to sample motion at the
region indicated by the black arrow. The axial displacement is compensated by using the motion
compensation algorithm for adjacent A-lines described in Sec. 2.2.1, as shown in Fig. 5(B).
The bi-directional flow and the power of Doppler shift images are shown in Figs. 5(C) and
(D), respectively. Two small retinal vessels are evident. In the power of Doppler shift image,
some choroidal vessels are observed. In the movie, the axial motion between each frame is
compensated using the correlation-based method (section 2.2.2).
Figure 6 shows a comparison of the motion compensation results for a three-dimensional
OCT volume set. Figure 6(A) shows a fundus image produced from the OCT volume set, where
the white arrows indicate the fast-scanning direction, and the red line indicates the location
of the cross-sectional images shown in Figs. 6(B), (C), and (D), which are without motion
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Fig. 6. Comparison of the cross section of the three-dimensional OCT volume along the
slow-scanning direction. The fundus projection image (A) is produced from the three-
dimensional OCT volume set. White arrows represent the fast-scanning direction. The
cross-sectional images (B) without motion compensation, (C) with compensation of the
axial shift between neighboring frames, and (D) with compensation of the axial shift be-
tween adjacent A-lines and neighboring frames corresponding to the red line in (A).
compensations, with the motion compensation between neighboring frames, and with motion
compensations between adjacent A-lines and between neighboring frames, respectively. The
cross-sectional image along the slow-scanning direction shows significant axial displacement
without any motion compensation, as shown in Fig. 6(B). The imaging time of this image is
extremely longer than that of images along to fast-scanning direction; roughly several hundred
times. Involuntary axial head movement cause large distortions. Since the head is not bound
to stage and volunteers are trying to gaze a target, low frequency distortions maybe caused by
small vibrations of muscles due to tension. By axial motion compensation between neighboring
frames described in Sec. 2.2.2, the axial displacement is reduced; however, a small fluctuation
remains due to the distortion of each image (Fig. 6(C)). Although cross-sectional imaging with
the conventional density of an A-line does not exhibit an apparent distortion, some shearing
does exist. This affects the performance of motion compensation between neighboring frames.
This distortion is improved by axial motion compensation between adjacent A-lines, and a
smoother structure is evident (Fig. 6(D)). The mean values of normalized cross-correlation
between neighboring frames are calculated for a three-dimensional OCT volume set of the
macular region, which comprises 1024 × 140 A-lines (5 mm × 5 mm). These are 0.25 without
any motion compensation, 0.33 with the motion compensation between neighboring frames,
and 0.38 with the motion compensations between adjacent A-lines and between neighboring
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frames. The increment of the normalized cross-correlation is + 0.08 ± 0.08 (mean ± standard
deviation) through only the motion compensation between neighboring frames and increased
more (+ 0.05 ± 0.04) with the motion compensation between adjacent A-lines.
2.3. Optical coherence angiography
Three-dimensional volume sets of the flow images are used to generate three-dimensional vas-
culature images and en-face vessel images. To eliminate the noise in the regions with no signal,
only the areas of interest are extracted, i.e., from the vitreoretinal interface to the deepest pene-
tration points, where signals are equal to noise floor. Two boundaries of the ares are segmented
in the OCT images. Furthermore, a high reflectivity layer – corresponding to the inner/outer
segment boundary (IS/OS), retinal pigment epithelium (RPE), and choriocapillaris (CC) – is
segmented in order to separate the retinal and choroidal layers. The OCT signals exhibit low
intensities in some retinal vessels since the high blood flow velocity in the vessel results in a
fringe washout.
The anterior boundary of the ares of interest is determined using an algorithm similar to
that presented by Mujat et al. [46]. In order to suppress noise, the OCT images are blurred by
using a Gaussian filter with a standard deviation of 3 × 3 pixels; gradient magnitude images
are thus obtained. These images are indicated with the sign of the axial gradient to distinguish
whether anterior edge or posterior edge.The thresholding of the gradient magnitude images
yields binary edge images. The threshold level is determined from the statistical properties of
noise to maintain the interfaces as a continuous curve. After eliminating the small particles in
the binary edge images, the first exceeding points over the threshold level from the top of the
images are detected. Then, positions that have a maximum gradient within ten pixels lower
than the first unity points are obtained. In order to smooth the curve, an iterative smoothing
algorithm is used. The large second derivative of axial positions of boundary are ignored, and
then, a linear interpolation of the boundary positions is performed. These steps are applied until
the curve is significantly smooth. Then, a median filter with a rank of 15 is applied.
The high reflectivity layer is segmented prior to posterior boundary segmentation to deter-
mine the retinal vessel regions. The axial positions of the maximum gradient lower than 25
pixels from the anterior boundary are detected. Some A-lines with no edges are ignored. The
intensities of 15 pixels around the detected positions along the axial direction are averaged.
Then, they are smoothed using a Savitzky-Golay filter. The points at which the intensity be-
fore smoothing significantly drops from the smoothed results are considered to form the vessel
region. The signals under the blood vessels are weak due to the absorption of blood. Both the
vessel regions and the no-edge regions are expanded by 10 pixels on both sides to completely
eliminate the regions. The positions of the high reflectivity layer of both regions are then ob-
tained by linear interpolation. The positions of this layer are smoothed in a similar manner as
the segmentation of the anterior boundary.
For the posterior boundary segmentation, the boundaries between the signals and noises are
determined. Binary images are created by thresholding for the Gaussian blurred intensity im-
ages. The threshold level is determined by using a histogram of logarithmic intensity. The
probability density of noise exhibits a sharp peak; therefore, the threshold level is set to a value
which exhibits a count of a fifth part of the maximum count in the histogram. Then, the small
particles are eliminated. The threshold of the particle size is determined by the image size. The
first unity points from the posterior edge of the images are detected. The posterior boundary
curve is interpolated at no-edge and vessel regions. Then, the curve is smoothed using the same
method to that is performed for the anterior boundary and high reflectivity layer.
All the segmentation parameters are automatically determined. By using a PC (Athlon 64
3500+ processor and a 2 GB RAM), the processing, which includes flow imaging, motion
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compensation, and segmentations, takes approximately 11.5 seconds per frame that comprises
1024 A-lines.
The three-dimensional vasculature is imaged by a volume rendering of the segmented vol-
umes. The bi-directional flow images are squared to achieve a high dynamic range for visual-
izing the vasculature. For both the three-dimensional bi-directional and the power of Doppler
shift volume sets, three-dimensional Gaussian filtering is performed to suppress the spurious
noise and discontinuities in the vasculature.
Two-dimensional angiograms are produced by integrating the flow volume sets along the
axial direction. Since the power of the Doppler shift images have a higher sensitivity than the
bi-directional flow images, angiograms produced from the former exhibit a higher contrast.
Furthermore, the retinal vessels can be separated from the choroidal vessels by segmenting the
high reflectivity layer. Two angiograms of the retinal and choroidal vessels can be produced
individually, which might correspond to FA and ICGA.
3. Results and discussion
In vivo three-dimensional blood flow imaging has been performed in a healthy human eye. The
macular region of the retina is imaged with 1024 A-lines in one frame and 140 frames acquired
over an area of 5 mm × 5 mm. The resulting images are shown in Fig. 7. Figure 7(A) shows
the fundus projection image of the OCT volume set. Three boundaries segmented by using the
algorithm that is described in Sec. 2.3 are indicated in the sequence of OCT images. In the
bi-directional flow image (Fig. 7(C)), the blood flow from some retinal vessels is observed.
However, the flow in some vessels and the choroidal vessels is not visible. In contrast, the
power of Doppler shift image (Fig. 7(D)) clearly shows the flow in the retinal vessels and
some choroidal vessels. However, artifacts are observed in the low signal regions (i.e., vitreous,
outer nuclear layer, and deeper region than penetration). Artifacts also appear under the blood
vessels due to the absorption of blood and forward scattering by the red blood cells. Three-
dimensional ocular vasculature is presented using volume rendering images of both the squared
bi-directional flow and the power of Doppler shift volume sets. These are volume rendered
after three-dimensional Gaussian filtering with a standard deviation of 1× 1.5× 1 pixels (axial
direction × B-scanning direction × C-scanning direction). The volume rendering image of the
squared bi-directional flow volume (Fig. 7(E)) shows the vasculature of the retinal vessels;
however, the choroidal vessels are not clearly observed. Artifact are observed at the surface that
have high specular reflection. Although artifacts are observed under the retinal vessels due to the
shadowing effect, and substantial noise occurs at the outer nuclear layer, the volume rendering
image of the power of Doppler shift volume set (Fig. 7(F)) shows the retinal vasculature and
choroidal vessels.
The retinal and choroidal layers can be separated at the high reflectivity layer corresponding
to IS/OS, RPE, and CC. A combination of the retinal part from Fig. 7 (E) and the choroidal
part from Fig. 7(F) is shown in Fig. 7(G). The anterior part is encoded in cyan and the posterior
part, yellow. Since the three-dimensional squared bi-directional flow images exhibit low noise
and small artifacts and the three-dimensional power of Doppler shift images exhibit choroidal
vessels, this combination results in a better visualization. Three-dimensional volume rendering
images of the ONH region are shown in Fig. 8 and its movies.
Although the power of Doppler shift images exhibit some artifacts, they are highly sensitive.
The projection of the power of Doppler shift volume set serves as two-dimensional angiography.
In this case, the artifacts under the vessels enhance the contrast of the projection images. Two-
dimensional angiographies for both the macular and ONH regions are shown in Figs. 9 and 10,
respectively.
The projection images with the entire depth integration of the power of Doppler shift volume
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Fig. 7. Three-dimensional optical coherence angiography of the macular region. The fundus
projection image of the three-dimensional OCT volume set (A) and the sequence of the
OCT images (B) are shown (2.22 MB). The segmented anterior (red) and posterior (blue)
boundaries of the tissue and the high reflectivity layer (green) are indicated in the OCT
images (B). The volume rendering images (E) (1.87 MB) and (F) (1.87 MB) are produced
from stacks of bi-directional flow images (C) and the power of Doppler shift images (D).
The composite volume rendering image (G) (1.89 MB) is a combination of the retinal part
of (E) (encoded in cyan) and the choroidal part of (F) (encoded in yellow). The image size
is 5 mm × 5 mm, corresponding to 1024 × 138 A-lines.
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Fig. 8. Three-dimensional optical coherence angiography of the ONH. (A): (1.89 MB)
volume rendering image of the bi-directional flow volume set (upper left), (B): (1.90 MB)
volume rendering image of the power of Doppler shift volume set, (C): (1.94 MB) the
composite volume rendering image of the retinal part of (A) (cyan) and the choroidal part
of (B) (yellow). The image size is 5 mm × 5 mm, corresponding to 1024 × 138 A-lines.
sets are shown in Figs. 9(A) (macula) and 10(A) (ONH). By selecting the integration range as
the tissue region, the contrast of the images is slightly enhanced, as shown in Figs. 9(C) and
10 (C). Only retinal vessels are visible in the projection images of the retinal layer (Figs. 9(D)
and 10(D)). On the other hand, the projection images of the choroidal part reveal not only the
choroidal vessels but also the retinal vessels due to shadowing effect (Figs. 9(E) and 10(E)). For
practical applications, composite false-colored images are created from these projection image
sets to distinguish the retinal vessels and the choroidal vessels. For the colored images, each
of the three layers – red, green, and blue – are produced by the following manner. The images
of the retina and the choroid are normalized; they correspond to the blue and green channels,
respectively. The retinal images are inverted and multiplied with the images of the choroid in
order to suppress the retinal vessel artifacts; this is the yellow channel. This process renders the
retinal and choroidal vessels cyan and yellow, respectively (Figs. 9(F) and 10(F)).
Since there are no retinal and choroidal layers in the optic disk, the segmentation of the
high reflectivity layer at the optic disk is inappropriate. However, the high reflectivity layer
segmentation algorithm behaves to detect the posterior boundary of retinal vessels, so that the
retinal vessels are included into the retinal part. Since the almost of all OCT signals in the
retinal vessels at the optic disk are disappeared due to fringe washout, large rising edges at
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Fig. 9. Optical coherence angiography of the macula lutea of the human eye. Each image is
produced by the integration of (A) the entire depth, (C) tissue region, (D) retinal part, and
(E) choroidal part of the power of Doppler shift images. (F) is a combination of (D) and
(E). In the cross-sectional flow image (B), each integration range is indicated.
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Fig. 10. Optical coherence angiography of the ONH of the human eye. Each image is
produced by the integration of (A) the entire depth, (C) tissue region, (D) retinal part, and
(E) choroidal part of the power of Doppler shift images. And (F) is a combination of (D)
and (E). In the cross-sectional flow image (B), each integration range is indicated.
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Fig. 11. Comparison of the angiographies of the macula lutea. From the left-hand side, the
images of the fundus photography (A), FA (B), and ICGA (C) are shown. Two-dimensional
OCA image (D) is cropped to compare it with to the other angiographies (E). The retinal
vessels and some choroidal vessels appear in (D), which is in agreement with FA (B) and
ICGA (C). The size of the image (E) is 5 mm × 3.6 mm (horizontal × vertical).
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Fig. 12. Comparison of the angiographies of the ONH. From the left-hand side, the images
of the fundus photography (A), FA (B), and ICGA (C) are shown. Two-dimensional OCA
image (D) is cropped to compare it with the other angiographies (E). The retinal vessels
and some choroidal vessels appear in (D), which is in agreement with FA (B) and ICGA
(C). The size of the image (E) is 5 mm × 3.6 mm (horizontal × vertical).
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the posterior boundary of the retinal vessels are detected. Nevertheless, the discontinuity of
the retinal vessel inside the optic disk is observed in Fig. 10(B). Further improvement of the
segmentation algorithm is required.
Figure 11 shows a comparison between FA, ICGA, and two-dimensional OCA of the macular
region. The angiograms of the ONH are also shown in Fig. 12. Intravenous injection has been
administrated with sodium fluorescein (2.5 ml of 10 percent solution) and indocyanine green
(2 ml of 1.25 percent solution). Each fluorescence angiograms are acquired at 2 minutes 43
seconds (Fig. 11(B)), 14 minutes 56 seconds (Fig. 12(B)), 27 seconds (Fig. 11(C)), and 45
seconds (Fig. 12(C)) after dye injection. Both the two-dimensional OCA images of the macular
region and the ONH shows the vasculature of the retinal vessels and choroidal vessels. Fine
retinal vessels in the macular region are visible with FA, but not with OCA. It is expected that
the density of the A-line is not sufficient for detecting these small vessels and/or their blood
flow velocity is low. Some thick choroidal vessels that appear in ICGA do not appear in the
OCA images. The reasons for this are assumed to be their low blood flow velocity and/or the
low backscattered light from these vessels. However, these OCA images are in good agreement
to FA and ICGA.
FA and ICGA are also capable of investigating circulation by dye-dilution method. Macro-
scopic blood flow dynamics, e.g. circulation time, will be investigated which is difficult for
OCA. Instead of that, OCA are capable of measuring the local blood flow speed, not absolute
value but relative value, that is hard for fluorescence angiographies.
There is an alternative en-face method to contrast only the retinal vessels from the OCT vol-
ume sets by utilizing the absorption of blood, which is referred to as the shadowgram [47]. It
might be useful to create composite colored images of the macular region. The comparison be-
tween an OCA image of the retina and a shadowgram, composite images from each image and
an OCA image of the choroid are shown in Fig. 13. A finer retinal vasculature can be observed
in the shadowgram and the composite image than in the OCA image of the retina. On the other
hand, a OCT intensity based choroidal vessel imaging requires significantly deep penetration
to the choroid. The high-speed swept-source OCT in the 1 micron wavelength region has been
performed the deeper penetration and the high contrast choroidal vessel imaging [48].
4. Conclusion
We present a new noninvasive angiography for the human eye. By using three-dimensional flow
imaging with high-speed SD-OCT, the three-dimensional vasculature of the posterior part of the
human eye is visualized. The retinal and choroidal parts are distinguished in the OCT images
by segmentation. The two-dimensional vessel images of the retina and choroid represent the
ocular vessels corresponding to FA and ICGA.
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Fig. 13. Composite image with shadowgram and flow projection image. As compared to
the power of Doppler shift projection of the retinal part (A), the shadowgram (B) exhibits
a fine retinal vasculature. The composite colored angiograms (C), (D) are obtained from
the power of Doppler shift projection of the choroidal part (Fig. 9 (C)) and (A) or (B),
respectively.
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